Appendix A

Medical Imaging Devices
This Appendix gives a short overview of the most commonly encountered medical imaging modalities. In particular, the factors affecting the performance of the techniques are highlighted. The applicability to each modality of the proposed approach for measuring image quality is discussed, albeit only briefly, as it is intended that this will be the subject of future reports.
A.l X-Ray A.I.l Planar Projection Imaging A.I.I.l Basic Imaging Technique. The attenuating properties of body tissues to x-ray photons of the range used in diagnostic radiology is determined principally by the photo-electric effect and Compton scattering. In a typical x-ray imaging system, photons emitted by an x-ray tube enter the patient where they may be absorbed, transmitted without interaction, or scattered. An image is formed from the emergent photons by their interaction with a suitable detector. Many different types of image receptor are used in diagnostic imaging systems (e.g., x-ray film, fluorescent screens for cassette recording and image intensifiers) and all form an image by the absorption of energy from the photon flux leaving the patient. This image consists of a two-dimensional projection of the attenuating properties of all the tissues in the threedimensional volume along the path of the x rays. The imaging photons are either primary photons which have passed through the patient without interacting, or secondary photons which derive from an interaction within the patient. The former contribute useful information to the image regarding internal structure, while the latter carry little information and merely contribute to the background signal which degrades contrast and signal-to-noise ratio.
The spatial resolution in planar projection imaging is of the order of 0.1 to 0.5 mm, the sharpness of the image depending upon the size of the focal spot (Doi, 1965) and the blurring introduced by the detector. The latter effect is discussed for screen film systems by, e.g., Fisher (1982) and in ICRU Report 41 (ICRU, 1986) .
The image noise, the radiographic mottle, is a result of both photon emission and reception being statistical processes. In addition, there are contributions from spatial fluctuations in the number of x-ray quanta absorbed in the intensifying screens caused by inhomogeneities in the phosphor coating (the structure mottle) and spatial non-uniformities in film sensitivity resulting from variations in the number of silver halide grains per unit area (film granularity) (Barnes, 1982) . The major contribution to noise is quantum mottle, although at very low and very high optical densities and very high spatial frequencies, film granularity dominates.
A.I.I.2 Applicability of the Proposed Technique for Measuring Image Quality. The technique for measuring image quality is well-suited to planar x-ray imaging. The conversion of the analog image data to a numerical form requires careful calibration, in particular to standardize the effect of film response on image contrast. The measurement of the quality of the acquired data is considered further in Section D.2, while assessment of the quality of displayed data is described by Metz (1986a) , for example.
A.I.2 Digital X-Ray Imaging A.I.2.1 Basic Imaging Technique. Conventional radiological imaging systems record and display data in analog form. This analog image can be digitized using a scanning laser microdensitometer (Schwenker and Eger, 1985) . There are advantages if the need to use film can be completely avoided. By means of an analog-to-digital converter, the image on an intensifier, stimulated luminescence plate or ionographic chamber can be converted directly into a digital format. Alternatively, a digital image can be created by scanning an x-ray beam with a slit collimator and an associated receptor system (such as, a bank of solid state detectors) across a region of the patient in so-called scanned projection radiography. The digital image can be stored on magnetic media or on optical disc, and can be interfaced with a film imaging system to make a permanent copy of an image.
Digital radiographic systems have several advantages. The image can be interrogated over the full range of pixel values in the data set by appropriate windowing; the digital image can be manipulated in several ways to improve perceptibility of image features; and image storage and retrieval are facilitated.
The digitization of the x-ray image often results in some loss of spatial resolution compared with the analog image. The extent to which resolution is compromised depends upon the technique employed. For example, analog film must be digitized to at least 2,048 x 2,048 pixels to give chest radiographs of comparable quality to analog images (MacMahon et ai., 1986) , while digital fluorographic systems require TV cameras capable of between 1,000 and 2,000 lines to give acceptable image reproduction.
In addition to the quantum noise encountered in planar imaging, noise will also be introduced into digital radiographic systems from various electronic sources. For example, in digital flu orographic systems there is TV camera noise, structure noise in the intensifier or photostimulable phosphor, and quantization noise from the analog-to-digital converters (Arnold and Scheibe, 1984; Harrison and Kotre, 1986) .
A.L2.2 Applicability of the Proposed Technique for Measuring Image Quality. Digital x-ray imaging lends itself to the methods of measuring performance recommended in this Report. Particular consideration needs to be given, however, to the effects of image digitization on image quality; see, for example, Giger and Doi (1985; 1987) .
A.L3 Computed Tomographic Imaging
A.L3.1 Basic Imaging Technique. X-ray CT uses the same principle as analog and digital planar projection x-ray imaging, i.e., an x-ray tube that projects an x-ray beam through the body, and some form of radiation detector to measure the intensity of the transmitted beam. The x-ray beam is collimated to a fan-shape that passes through a transverse section, or "slice," of the body. The detector system is a bank of individual scintillation or gas ionization detectors arranged in the same plane as the fan-beam, such that the beam, after emerging from the body, strikes the bank of detectors. The signal generated is proportional to the intensity of the transmitted x-ray beam and, hence, the negative of its logarithm is linearly proportional to the total attenuation along the path connecting the x-ray tube with the detector. A scan consists of moving the x-ray source (and sometimes also the detectors) in a plane so that the beam enters the body at a variety of angles over a range of at least 180°, and preferably 360°. In this way, attenuation data for many ray-paths at different angles and at different spatial offsets are obtained.
The signals from each detector are digitized, with each sample representing an intensity measurement for a different beam angle. Some preprocessing is performed on the data, such as taking the logarithm (so as to obtain a measure of attenuation, rather than intensity) and performing corrections for various distortions (such as detector non-linearity). A CT image of the body slice is then reconstructed from the data by a digital computer. The reconstruction algorithm is based on the filtered backprojection of the detected ray-sums. The physical quantity is attenuation coefficient, and the intensity of each picture element (pixel) of the image therefore represents the x-ray attenuation coefficient at the corresponding location in the body. Spatial resolution in the image plane is determined by the dimensions of the detector apertures and any other collimators that may be present, and also by the sampling intervals. In general, the sampling rate is high enough so that this is not a limitation. Spatial resolution in the direction perpendicular to the image, or slice width, is determined by the collimator dimensions in that direction. Image noise, in a welldesigned system, is limited by the number of detected x-ray quanta within the sampling interval, although the noise spectrum is altered by the image reconstruction algorithm.
Artifacts are an important consideration in x-ray CT, one example being the "beam-hardening" artifact. Since the attenuation coefficient is a function of effective beam energy, the attenuation caused by a given tissue location depends on the energy, or "hardness," of the x-ray beam at this point. This, in turn, depends on how much tissue the beam has already passed through and, hence, varies from ray to ray. This results in a distortion of intensity values, particularly around bony regions. Various corrections have been developed for such artifacts.
A.L3.2 Applicability of the Proposed Technique for Measuring Image Quality. The proposed technique is readily applicable to CT imaging, although consideration needs to be given to the problems of artifacts, such as those created by bony regions, and to the dependence of image quality upon the details of the image-reconstruction algorithm that is employed. This particular application is discussed in Section D.4.
A.2 Nuclear Medicine
A.2.1 Planar Projection Imaging
A.2.L1 Basic Imaging Technique. In nuclear medicine, images are produced showing the in vivo distribution of a pharmaceutical by labelling it with a radionuclide and detecting the gamma radiation as it emerges from the body. The imaging is performed with a gamma-camera which consists of a large scintillation crystal, some 40 to 50 cm in diameter, viewed by an array of photomultiplier tubes. By processing the signals from the photomultipliers, a pair of electronic signals representing the x and y spatial coordinates of the scintillation produced by the gamma-ray can be calculated. This is then used either to produce an analog image on a cathode ray tube (CRT) display or a digital image for computer processing (Sharp et at., 1985) .
The formation of an image in the crystal depends upon the use of a lead collimator having several thousand parallel holes running through it. This limits the gamma-radiation hitting the crystal to that travelling in a direction parallel to the axes of the holes, all obliquely incident radiation being absorbed by the lead. Imaging is thus achieved by excluding a large proportion of the radiation emitted from the patient, rather than by focusing it as in conventional photography. This is the principal cause of the low photon density found in these images.
As with x rays, the radiation will be absorbed and scattered in its passage through tissue to the detector. While it is crucial to the image formation process in transmission imaging, absorption will degrade quality in emission imaging.
Given a target tissue with a particular radiopharmaceutical concentration at a given point and adjacent tissue in which the concentration is different, the contrast between the two is given by a complex function which involves concentration, tissue thickness, the linear attenuation coefficient of each intervening tissue and the amount of scattered radiation detected.
In planar nuclear medicine imaging, resolution depends upon the dimensions of the holes in the collimator and the accuracy with which the position of the detected gamma-ray in the scintillation crystal can be calculated, the intrinsic resolution. The Compton scattering of radiation in the patient, prior to detection by the camera, also degrades resolution. Spatial resolution deteriorates with increasing distance from the collimator face but, for the parallel hole collimator, does not vary across the field of view. Typically the resolution is 5 mm full-width at halfmaximum height on the collimator face, increasing to 1 cm at 10 cm from the collimator. Random noise is described by Poisson statistics, but variations in gamma camera uniformity may add a non-stochastic component.
A.2.1.2 Applicability of the Proposed Technique for Measuring Image Quality. The application of the technique for measuring image quality to planar projection imaging is discussed in Section D.2. In practice, care must be taken in calculating quality of the acquired data as the gamma camera system is not spatially invariant owing to non-uniformities in the camera response and, also, the MTF is dependent on distance from the collimator. The proposal for assessing the quality of the displayed data is wellsuited to radionuclide images, and its use has already been reported by several groups, e.g., Houston et al. (1979) .
A.2.2 Single Photon Emission Computed Tomography
A.2.2.1 Basic Imaging Technique. Tomographic images are most commonly produced by taking a series of images as the gamma-camera (see Section A.2.1.1) is rotated around the patient (Gemmell, 1989) , although specialized detectors have been constructed to improve the balance between spatial resolution and sensitivity (Evans et al., 1986; Stod-dart and Stoddart, 1979) . The tomographic image is then reconstructed by "back-projecting" the image data obtained at each angle after first filtering to reduce artifacts (Gemmell, 1989) . This reconstruction process results in image noise being "colored,"
i.e., containing spatial structure, and with a texture that varies radially across the image.
The spatial resolution achieved in the single photon emission computed tomography (SPECT) is somewhat worse than in planar imaging, primarily due to the effect of data sampling and the cut-off frequency associated with the reconstruction filter; the loss in resolution at the center of rotation typically is some 10 to 30 percent greater than the planar value. One advantage of tomography is that resolution does not vary so markedly with distance from the detectors as in planar imaging, although this means that the resolution close to the detectors is similar to that at the center of rotation, i.e., some 10 to 30 percent worse than the corresponding planar resolution 20 cm from the collimator (Larsson, 1980) .
As the effect of tomography is to reduce interference from, in this case, radioactivity in tissues other than those in the image plane, image contrast is much higher than in planar imaging. It is primarily dependent upon the relative concentration of radioactivity in the structure of interest and adjacent tissue.
A.2.2.2 Applicability of the Proposed Technique for Measuring Image Quality. Many of the comments made about the potential applicability of the image quality assessment in relation to x-ray CT apply also to the single photon emission computed tomography. In measuring the quality of the acquired data, the effect of distance dependence of the camera's MTF must be taken into account, as must the fact that both noise and spatial resolution in the reconstructed image have a radial dependence.
The ROC methodology has been successfully used to assess the quality of the SPECT images for many years (e.g., Carril et al., 1979) .
A.2.3 Positron Emission Tomography
A.2.3.1 Basic Imaging Technique. By labelling a pharmaceutical with a positron-emitting radionuclide, rather than a single gamma-ray emitter, it is possible to reconstruct the image by simultaneously detecting the pair of gamma-rays emitted back-toback when the positron annihilates. By using a ring-shaped detector surrounding the patient, tomographic images can be produced by recording the almost simultaneous arrival of each pair of gammas. The point of origin of the radiation must then lie somewhere along the line joining these two recorded points. The three-dimensional information is derived from the points of intersection of many such rays. In a recent development, the very small difference in the time of arrival of the gammas is used to improve spatial resolution.
The resolution in Positron Emission Tomography (PET) is ultimately limited by the short distance, about 1 mm, travelled by the positron before it is annihilated and the fact that the two gammas are emitted at an angle to each other which may be slightly different from 180°. At present, the inherent spatial resolution of the PET imager, due to detector size and speed of electronics, has a greater effect on spatial resolution than this, the FWHM being in the range of 4 to 6 mm. In PET imaging, spatial resolution does not vary significantly with distance from the detectors. As in the SPECT, image contrast is principally dependent on the relative concentration between the structure of interest and adjacent tissues in the same image plane.
The PET has the advantage over the SPECT of superior spatial resolution. More importantly, however, it can be used to accurately measure the concentration of a radiopharmaceutical in an organ. Its application to clinical medicine is limited by the high cost, not only of the PET imager, but also the cyclotron and radiochemical facilities required to produce the short-lived radiopharmaceuticals.
A.2.3.2 Applicability of the Proposed Technique for Measuring Image Quality. The measurement of the quality of the PET images is considered in Section D.5. As with the SPECT, allowance must be made for the fact that spatial resolution and noise vary between different parts of the image.
A.3 Magnetic Resonance Imaging (MRI)
A.3.1 Basic Imaging Technique Nuclear magnetic resonance (NMR) was discovered in 1946, but the possibility of obtaining images was not realized until the early 1970s. The basic techniques of image production were developed and improved until systems were available for practical clinical use in the early 1980s (Smith and Kean, 1986). As the term "nuclear magnetic resonance" suggests, nuclei are caused to resonate in the presence of a magnetic field. The NMR experiment is, therefore, a two-stage process. First, a sample is placed in a strong magnetic field and radiofrequency (RF) radiation is applied at a specific frequency causing the nuclei in the sample to resonate; the source of the RF radiation is then switched off and the nuclei continue to resonate emitting the RF radiation which can then be detected. In MRI, in addition to a strong magnetic field, there are gradient fields in the three orthogonal directions which can be switched on and off. Initially a pulse of the RF is applied while one of the gradient fields is switched on to produce resonance in a single slice in the body. Application of the gradients in the other two directions results in spatial information within the slice being stored in the phase and frequency of the NMR signal (Edelstein et aZ., 1980) . The detected signal comes from nuclei within the whole slice and a number of signals, usually of the order of 256, are detected and stored in the computer. A subsequent two-dimensional Fourier transform (2DFT) of this array of digitized signals results in the image of a slice within the patient.
The technique of MRI involves no moving parts and so, unlike x-ray CT, there is no preferential direction for image acquisition; tomographic signals can be obtained at any angle within the body. For some imaging sequences, there is a requirement to allow a delay between each of the signals that are used to build up the image. This delay can be used to produce resonance in other slices allowing the opportunity for simultaneous slice acquisition, i.e., the ability to detect multiple slices in the same time that it would have taken to acquire a single slice.
A.3.2 Other Modes of Image Acquisition
The majority of clinical images are acquired using the 2DFT and simultaneous slice acquisition. An extension of the 2DFT technique is the 3DFT where data is acquired from a large volume and two-phase encoding gradients are used. A larger number of signals need to be acquired for this mode of acquisition, but it offers the potential for acquiring smaller voxels than is possible using two-dimensional Fourier transform. The thickness of the slice in the latter is constrained by the size of the gradient that can be applied to select the slice.
There is a rapid method of image acquisition known as echo-planar (Mansfield and Maudsley, 1977) which uses a single RF pulse and then switches gradients to obtain multiple signals within encoded spatial information. The technique of echo-planar MRI has the capability of producing images within 60 msec.
A.3.3 Image Contrast
Not all nuclei will resonate; in medical imaging it is the hydrogen nucleus, a single proton, which produces the signal that usually is employed. Thus, clinical images are produced from protons predominantly in water and fat within the body. However, the signal intensity of the image is not simply related to the number of protons present, but also depends upon the fundamental NMR relaxation parameters, T 1 and T 2, which are exponential time constants. T 1 is related to the time for nuclei to return to their equilibrium position and is largely determined by energy transfer from resonating nuclei to surrounding molecules in the lattice. T 2 is the time constant related to the loss of phase coherence of resonating nuclei caused by magnetic interactions, one with another.
The unique aspect of MRI is that the type and timing of the sequence of the RF and gradient pulses (known as the pulse sequence) used to produce the image can dramatically affect the image contrast by altering the relative contributions to the pixel intensity due to proton density, Tl or T 2 . Abnormal pathology within a patient will generally alter the relaxation parameters, T 1 and T 2, and so pulse sequences are chosen to optimize the chances of detecting specific pathology (Foster, 1984) .
In the majority of clinical imaging sequences, it is the proton density, Tl or T 2 , which determines the signal intensity. However, MRI is a technique which has not plateaued, and pulse sequences are being used where other parameters influence signal intensity, e.g., susceptibility differences between tissues, flow, diffusion or perfusion in the micro-circulation (Bradley and Bydder, 1990) . Some of these factors can also be used to obtain measures of a specific phenomenon. A good example is magnetic resonance angiography (MRA) which produces an image showing the distribution of flowing blood within the vascular tree.
A.3.4 Image Resolution
The imaging time and spatial resolution in MRI can vary considerably. The majority of images are acquired on a 256 x 256 matrix (although in certain circumstances a 512 x 512 matrix is used) and the resolution will be limited by pixel size, which is determined by the field of view and matrix size. Most of the images obtained on patients will require several minutes or longer to acquire, although recently, faster techniques have allowed a series of images to be obtained in a single breath hold. In such cases, an imaging matrix of 128 x 128 may be used. The source of noise in MRI is purely electronic, originating from currents set up in the body, and in losses in coils and amplifiers. In the widely used 2DFT reconstruction technique, the image noise is white (i.e., uncorrelated from point to point). Image noise is, therefore, not a function of signal amplitude and is proportional to the area of the image pixel (Edelstein et al., 1986) . As a consequence, image resolution must be chosen before acquisition, the highest SNR being achieved by selecting the largest pixel size for the desired spatial resolution. A smaller pixel size will require an increase in the gradient in the readout direction, a proportional increase in detection bandwidth. This will result in an increase in detected noise power. As a result, it is not possible to regain the SNR simply by averaging groups of pixels.
There are many factors in the design of an MR system which can influence the resolution and distortion of the image. Provided the magnetic field gradient is linear, the individual SNR at a pixel level tends to determine the acquisition matrix that can be used and the resulting resolution. In practice, data collection for a body image is typically with a voxel of dimensions 0.5 x 0.5 x 2.5 mm, giving spatial resolution comparable with x-ray CT images.
Closely-coupled surface coils can be used to detect the RF signals emitted from the patient with a higher degree of sensitivity around the region of interest. Such coils can be placed against the spine or over the eye, for example, and are even beginning to be used internally. The use of such coils can increase the SNR in a selected region and decrease the signal from regions of the body which may produce interfering motion artifacts. With surface coils, pixel sizes of 0.3 mm can be obtained.
The size of the MR signal is related to the strength of the main magnetic field. As a consequence, higher magnetic field strength magnets will tend to result in higher signal-to-noise ratio. Unfortunately, as the field strength increases, the bandwidth used will change, resulting in more noticeable motion artifacts. MRI systems have been produced with field strengths ranging from 0.02 Tesla to 4 Tesla.
A.3.5 Applicability of the Proposed Technique for Measuring Image Quality
There are four principal factors which need to be addressed if the proposed image quality assessment techniques are to be used: 1. A consequence of being able to choose the timing parameters and pulse sequence for the MRI investigation is that a single MRI system is capable of producing a vast number of different images of a particular object. 2. The assessment of performance ofMRI is dependent on contrast between tissues in the image. 3. Noise is, of course, important, but as the quality of the MR images has improved, the relative contribution of imaging artifacts to image noise has increased. Such artifacts are generally not present in phantom images. Indeed, the assessment of the performance of the MR system may be judged as much by the system's ability to reduce in vivo artifactual noise (generally motion) as by the inherent noise of the system. 4. The acquisition time for an MR image is an important factor. It should be possible to calculate the NEQ for MRI and, in appropriate circumstances, the SNR r . The problem of identifying an appropriate sequence and parameter set are similar to that identified below for the ROC approach. However, there are a number of difficulties and criticisms of the quantitative approach which are particularly relevant to the magnetic resonance imaging.
1. Experience has shown that it is difficult, in practice, to obtain an accurate measurement of the modulation transfer function (Steckner et al., 1994) . In addition, the presence of a high contrast edge in a phantom can produce Fourier transformation (Gibbs) artifacts which will distort the modulation transfer function. 2. The value for W n may have to be calculated from an ensemble of in vivo images to include the effects of artifacts (see Item 3 in the list above). It is unlikely that any phantom will simulate artifact noise sufficiently accurately. 3. The SNR can be calculated using a sample and a specific background, i.e., in a particular contrast situation. Many permutations will, therefore, be required for each sequence. The ROC approach is clearly applicable to the MRI, but it will be necessary to define specific parameters if imaging systems are to be compared. This would not be too difficult if there were an optimum parameter set that could be used for a particular clinical application. Unfortunately, the optimum parameter set will, frequently, vary with field strength and, in many cases, will be different for different machines with the same field strength.
The difficulty of choosing sequence parameters for intercomparison should not be insurmountable. The ROC approach will be able to be performed in vivo which will take appropriate consideration of the factors 2, 3 and 4 in the first list of factors given above.
AA Ultrasonography
AA.l Basic Imaging Technique
There is, in principle, a large number of ways in which ultrasound can be used to create medically interesting images. It has been used in transmission and echo modes and, in both cases, there are examples of computed reconstructions. Furthermore, there is a considerable number of different physical quantities and parameters which may be imaged (see, e.g., Hill et al., 1990) .
Current practice is mainly confined to echo mode ("echography") in which an attempt is generally made to represent in the image a spatial distribution of values of tissue back-scattering cross section. As an increasingly important adjunct however, such images may be overlaid, usually in color, with a representation of some measure of instantaneous tissue movement velocity (such as Doppler frequency shift).
In echography, information is derived by launching a short acoustical pulse from a transducer into the target tissue and subsequently detecting, generally on the same transducer, the resulting tissue echoes. Spatial information is thus derived in two different ways: if! the dimension parallel to the beam axis by measuring the go and return time for each echo and, in the two lateral dimensions, by the diffraction determined directivity of the beam. The achievement of such directivity relies on the use of a coherent source of acoustic radiation and corresponding coherent detection.
From these considerations, it follows that the PSF of an echographic system is quite complicated. Generally, its magnitude axially is substantially less than laterally; it may also (for non-circular transducers) be asymmetric between two lateral dimensions and its axial component exhibits rapid and multiple phase variations (Hill et al., 1991) . Such systems require regard to be taken of the phase component of their OTF, in addition to the modulation transfer function.
The size of the PSF and, hence, spatial resolution, is limited by wavelength which, in turn, is restricted, in practice, by the frequency dependent attenuation behavior of human soft tissues. Thus, typical values in tissue for the full width at half-maximum height of the PSF dimensions of an abdominal or obstetric scanner working at a nominal acoustic frequency of 3 MHz would be 3 mm lateral and 1 mm axial. Corresponding values for a small-parts scanner at 10 MHz would be about 1 and 0.3 mm.
The noise sources that limit echo graphic contrast discrimination are of two kinds: electronic (stochastic) receiver noise and coherent radiation speckle. The former imposes a fairly sharp cut-off to the effective penetration range for a given combination of imaging system and anatomy, while the latter imposes a level of effective noise (albeit strictly a deterministic artifact) that is relatively constant with depth for shorter ranges. A measure of this noise level is the density of speckle spots in the image and a very important property for image quality consideration is that the form of its Wiener spectrum is similar to the system modulation transfer function (Hill et al., 1991) .
AA.2 Applicability of the Proposed Technique for Measuring Image Quality
Ultrasound differs markedly from all other major imaging procedures in that its principal effective form of noise (coherent speckle) is deterministic, with an image spectrum that is related to the system modulation transfer function (Hill et al., 1991) . Thus, the methodology of Section 3 is not readily applicable, although it is possible, in simple echographic systems, to define a (spatially variant) parameter analogous to the noise equivalent quanta (Wagner and Brown, 1985) .
A further important practical difference between ultrasound and other imaging systems is that its normal method of use is in a real-time, operatorinteractive mode. Thus, the application of the ROC methodology of Section 4 is far from straightforward.
The situation may be exacerbated as, in the foreseeable future, image enhancement procedures may become widely adopted. Based on methods of adaptive filtering, they will have the effect of creating substantial locally inhomogeneous shifts of both the MTF and the weighting of the noise spectrum.
Finally, consideration will need to be given to the diagnostic information carried in the form of image texture, a feature which has not yet been considered in the context of this Report.
A.5 Other Imaging Techniques
This Section describes a number of imaging techniques which are either not yet sufficiently developed for routine clinical imaging or have only a very specialized role.
A.5.1 Thermography
A.5.1.1 Basic Imaging Technique. The normal internal temperature in resting man is quite constant. In the steady state, heat flows from production sites in the body to cooler tissues and blood distributes this heat to the body surface. Heat is lost to the environment by radiation, convection and evaporation. Consequently, the skin temperature and its distribution may be modified by disease processes.
Thermography is the process of obtaining an image of the skin surface temperature distribution. Liquid crystal thermography depends on the temperature dependence of the color of an encapsulated sheet of cholesteric liquid crystals applied to the surface of the body. The more usual method of infrared thermography makes use of the fact that skin emits infrared radiation as an exponential function of its absolute temperature. Thus, the total radiated power per unit area W T is given by: (A.l) where E is the skin's emissivity, (Tis Stefan's constant and T is the absolute temperature of the skin. The infrared radiation is emitted in a broad band of wavelengths with a maximum emission occurring at a wavelength Amax dependent on the surface temperature in the following way: (A.2) This corresponds to a wavelength of about 9.5 /Lm at a temperature of 30°C.
The thermographic image can be obtained in several different ways. For example, a cooled semiconductor photon detector may be positioned at the stationary focus of an infrared optical system that scans the surface of the body point-by-point in a raster format. Cadmium mercury telluride and indium telluride are the most commonly used detector materials. Alternatively, an infrared-to-electronic image converter (such as a pyroelectric vidicon) may collect scans in real time.
Noise in such systems is ultimately determined by the random (Poisson) fluctuations in photon arrival. For a cadmium mercury telluride or indium antimonide detector cooled by liquid nitrogen, a thermal resolution of better O.lOoC can be achieved. Angular resolution is ofthe order of 2 mrad.
Thermography is currently used in the assessment of rheumatoid arthritis, but its earlier application to screening for breast cancer is no longer regarded as being of clinical value.
A.5.1.2 Applicability of the Proposed Technique for Measuring Image Quality. Essentially, thermography is photography of photons with long wavelengths. Since this Report draws on principles initially developed for traditional x-ray imaging, the methods are generally applicable to the assessment of thermographic images.
A.5.2 Impedance Imaging
A.5.2.1 Basic Imaging Technique. The electrical impedances of the different tissues of the body occupy a range that extends over at least two orders of magnitude. The objective of electrical impedance imaging is to produce two-or three-dimensional maps ofthe impedances ofthe tissues within the body. This requires the solution of the inverse problem from measurements of skin surface potentials resulting from the injection of electric current. The principal problem is that the isocurrent lines are not straight because of spatial variations in impedance and the current spreads out of the two-dimensional scan plane.
In a typical acquisition system, 16 or 32 electrodes are attached in a plane at equal intervals around the patient. High frequency (typically 100 kHz) current at a few milliamps is injected sequentially between each pair of electrodes and, for each pair, the voltages between all the other electrodes are measured and recorded.
There are several approaches to image reconstruction. These include filtered back-projection, finite element modelling and iterative techniques. The process can be rapid and in real time.
Currently, the resolution that can be obtained is rather poor; it is best at the surface of the patient, but the central resolution is unlikely to be much better than five to 10 percent ofthe patient's diameter.
Ultimately, the noise level in the data is determined by Johnson noise generated within the electronics. On the reconstructed image, as with many tomographic techniques, the noise is not white and its magnitude is position dependent. Images also contain small geometric artifacts which are the result of small changes in collection geometry. These are likely to determine the lower limits of sensitivity obtainable with the technique. A general overview of the topic is given by Brown et al. (1988) .
The most promising results, perhaps, are those in which dynamic physiological activity (such as gastric emptying and lung ventilation) is being studied. It has yet to find a routine clinical application.
A.5.2.2 Applicability of the Proposed Technique for Measuring Image Quality. Electrical impedance images are nonlinear, shift variant and noise limited. This Report is concerned mainly with the impact of noise in signal detectability and to this extent the methods are applicable to electrical impedance imaging. At this stage in the development of the imaging technique, however, the intractability of the solution of the inverse problem is the primary limitation in imaging performance.
A.5.3 Biomagnetic Imaging
A.5.3.1 Basic Imaging Technique. Biological activity, particularly in the heart and the brain, is accompanied by the production of weak magnetic fields. Of course, it is well known that such biological activity can be studied by means of the electrocardiogram and the electroencephalogram recordings. The strongest of these magnetic signals is that due to cardiac activity [of the order of 50 pico Tesla (pT)]; the oculogram is around 10 pT, the encephalogram, 1 pT, and the visually evoked response as little as 0.2 pT.
The very weak magnetic fields that originate within the body can be detected by semiconductor quantum interference device (SQUID) gradiometers positioned outside the body. The sensitivity of the SQUID is limited by noise and it is essential to carry out the measurements in a shielded room. The production of the image involves the solution of the inverse problem. Although the magnetic field is not significantly affected by soft tissues, the full solution of the inverse problem requires the calculation of the magnitude, position and direction of all the individual magnetic vectors within the three-dimensional volume. Typically, an array of 37 SQUIDS is used to provide the data and signal averaging is employed for noise reduction unless it is important to observe isolated events.
The equipment required for this technique is very expensive and currently has no routine clinical application. A.5.3.2 Applicability of the Proposed Technique for Measuring Image Quality. The spatial localization of magnetic sources within the body is analogous to radio nuclide imaging with a gamma camera. The principal limit on imaging is set by the signal-to-noise ratio. In addition, there is marked shift variance over large image areas. The methods developed in this Report, however, are generally applicable to biomagnetic images.
A.5.4 Light Transmission Imaging
A.5.4.1 Basic Imaging Technique. The absorption and scattering of light is different in the various tissues of the body. Within the visible range, there is intense scattering and transmission imaging is impossible except with very thin tissue specimens. In the near infrared, however, attenuation is up to two orders of magnitude less and scattering is strongly forward peaked. Moreover, some biological materials (particularly haemoglobin) are relatively strong absorbers of infrared radiation so transmission images with high contrast can be obtained.
Imaging of accessible structures can be achieved by observing the shadow resulting from infrared illumination of the opposite side. The resolution depends upon the geometry of the structures being imaged. The principal problem is due to the scattered light which reduces target detectability. Because scattered photons arrive later than those which have travelled on the direct path, the contrast reduction due to scattering can be reduced by taking time-of-flight into account. This can be done either by transmitting a short pulse of light, or by modulating the amplitude of the light at a high frequency and comparing the phase of the received signal with a suitable reference.
The technique has been evaluated for screening for breast cancer but, to date, has been found to have an unacceptably high number offalse positives.
A.5.4.2 Applicability of the Proposed Technique for Measuring Image Quality. The application of the techniques proposed in this Report to light transmission imaging suffers from the fact that it is neither linear nor shift invariant.
